Abstract. The quantification of wall motion in cerebral aneurysms is becoming important owing to its potential connection to rupture, and as a way to incorporate the effects of vascular compliance in computational fluid dynamics (CFD) simulations. Most of papers report values obtained with experimental phantoms, simulated images, or animal models, but the information for real patients is limited. In this paper, we have combined non-rigid registration (IR) with signal processing techniques to measure pulsation in real patients from high frame rate digital subtraction angiography (DSA). We have obtained physiological meaningful waveforms with amplitudes in the range 0mm-0.3mm for a population of 18 patients including ruptured and unruptured aneurysms. Statistically significant differences in pulsation were found according to the rupture status, in agreement with differences in biomechanical properties reported in the literature.
Introduction
Intracranial aneurysms are pathological dilations of cerebral arteries, which tend to occur at or near arterial bifurcations, mostly in the Circle of Willis (CoW). The optimal management of unruptured aneurysms is controversial and current decisionmaking is mainly based on considering their size and location, as derived from the International Study of Unruptured Intracranial Aneurysms (ISUIA) [1] . It is thought that the interaction between haemodynamics and wall mechanics plays a critical role in the formation, growth and rupture of aneurysms. The quantification of wall motion in aneurysms is becoming important since its likely connection with rupture [2, 3, 4] and its importance for incorporating patient-specific boundary conditions in CFD simulations [5] .
Many of the quantitative results of pulsation measurements reported in the literature correspond to experiments with phantoms, simulated images, or experimental models [6, 7, 3, 8] . Only a few attempts of in-vivo quantification have been reported. Wardlaw et al. [9] have measured pulsation in vivo by using Power Doppler Ultrasound (PD-US), and validated their method using phantoms [10] . However, many conclusions of the study with phantoms are valid for the large changes in size considered (42% of the cross section), but not necessary extendable for the small changes occurring in intracranial aneurysms. Meyer et al. [2] have measured aneurysmal volume changes by using Phase-Contrast Magnetic Resonance Angiography (PC-MRA). For ruptured aneurysms they obtained values of 51% ± 10%, which are quite large in comparison to the visual changes observed in our clinical experience. With the advent of ECG-gated 4D Computed Tomography Angiography (4D-CTA), the visualization of aneurysmal pulsation seems to have become feasible [4, 11, 12] . However, this technique presents helical motion artifacts resulting from the lack of cone beam correction during image reconstruction [13] , which are visualized as a wavelike motion and produce the apparent movement of bony structures [11] . This observation and other inconsistencies about the presence of bleb pulsation have been pointed out by Matsumoto et al. [14] . These problems seem to be corrected with 64-slice CT scanners, but so far only studies of feasibility have been carried out with phantoms [6] . Recently, Zhang et al. [8] have presented a method to recover pulsation by deforming the 3D Rotational Angiography (3D-RA) rendered volume to match its projections to the 2D acquisitions used for the volumetric reconstruction. However, this technique has been tested only with phantom data and its application in human beings must still be proven. Table 1 summarizes the previous work in this area.
Recently, we have presented preliminary results of the application of non rigid registration techniques to recover in vivo wall motion from Digital Subtraction Angiography (DSA) sequences [15] . In this paper, we present an improved version of the method that solves some drawbacks of the initial approach. We have applied the technique to quantify wall motion in 15 patients and found a correlation between rupture and regional differences in pulsation. [4] 4D-CTA in vivo All U 2/15 no Yaghmai et al. [6] 4D-CTA phantom --yes Boecher-S. et al.
b [7] animal model -5/8 yes Wardlaw et al. [9] PD-US in vivo All R 15/16 yes Ueno et al. [3] PD-US phantom --yes Meyer et al. [2] PC-MRI in vivo 6 R / 10 U 15/16 yes Zhang et al. [8] 3D-RA phantom --yes a Wall motion occurrence is the ratio between the number of cases that present pulsation and the total number of cases. b The modality is not specified since the authors used an experimental system in which the aneurysmal pulsation is measured by a laser displacement sensor. Figure 1 shows the DSA sequences used in this paper. These sequences were acquired in three clinical centers: 1) Department of Interventional Neuroradiology, Inova Fairfax Hospital, 2) Department of Vascular Radiology, Hospital Clinic i Provincial de Barcelona, and 3) Department of Interventional Neuroradiology, Rothschild Foundation. At each center, an expert clinician measured neck, depth, and width of the aneurysms in the first frame using standard measuring tools of angiography scanners. To know the image resolution, the same magnitudes were measured in the 3D-RA image to avoid errors due to geometric magnification. Table 2 provides detailed information about each  sequence. #1  #2  #3   #4  #5  #6   #7  #8  #9   #10  #11  #12   #13  #14  #15 #16 #17 #18 Figure 1 . First frames of the DSA sequences used in this paper. The 3D-RA reconstruction is shown at right when available. 
Method

Dataset
Wall motion estimation
The method applied for quantifying pulsation consists of three main steps described next ( Figure 2 ).
Image registration.
A DSA study consists of an image sequence I(x, t) = I 0 (x) · · · I n−1 (x) of n phases that provides the voxel intensity at spatial position x and time t. To quantify temporal changes in the magnitude of interest, it is necessary to establish a dense point correspondence between images. This was performed by registering each frame I t (x) to the first one I 0 (x), yielding a set of transformations
n that provide such correspondence. In a previous paper [15] , we applied an Optical Flow (OF) method [16] for IR since this type of methods are preferred for recovering small magnitude changes [17] . However, OF methods are quite sensitive to variations in intensity due to quantum noise [18] and inhomogeneities in the contrast distribution, and non-smooth deformation fields are obtained. To obtain a smoother deformation field, in this paper we have used Free-Form Deformations with B-Spline interpolation functions, and Mutual Information (MI) as metric. Mutual information (MI) is a concept from information theory and expresses the amount of information that one image A contains about a second image B. This similarity measure was independently introduced into medical image registration by Collignon [19] and Viola [20] and is defined as
where H(A) and H(B) are the marginal entropies of A and B, and H(A, B) their joint entropy. MI is particularly suited in cases where the intensity relationship of the images is unknown, which is exactly the case of DSA sequences. B-Spline-based Free-Form Deformations (FFD) is a type of transformation used initially in computer graphics for deforming objects [21, 22] and introduced later on in medical imaging by Rueckert et al [23] . The basic idea of this type of transformation is to deform an image by manipulating an underlying mesh of control points, whose displacements are propagated to the image by using B-Spline functions. The resulting displacement field is smooth (C 2 -continuous), which is a desired property when modeling biological deformations. The main advantage of B-Splines with respect to thin-plate splines [24] and elastic-body splines [25] , is their compact support that allows to constrain spatially the deformation.
Point propagation and feature quantification.
We have analyzed temporal changes in aneurysm depth (d(t)), aneurysm width (w(t)), and artery diameter (a(t)). These variables were measured by taking the euclidean distance between pair of points placed in the first frame, and propagated over time with the set of transformations T . The points used to calculate the artery diameter were placed far away from the aneurysm to have a different condition of the vessel wall at the measurement point, and to avoid the influence of aneurysmal deformations. This is important for quantification of the differential pulsation between the aneurysm and the artery, as explained later. For the spacing between control points employed in this paper, the spatial support of each B-Spline was in the order of the aneurysm size, and landmarks placed close to the aneurysm could be modified even in the absence of artery deformation. The points used to define the depth and with of the aneurysm were placed as shown in Figure 2 .
Post-processing analysis.
If changes in image intensity during the contrast filling were modeled linearly as I t (x) = αI 0 (x) + c, with α and c constant values, the use of MI-based IR would account for these changes in intensity. This is because MI-based IR is robust to changes in intensity scale ‡ as shown in Figure 3 . However, intensity changes that occur during the contrast injection cannot be described accurately by this model, probably because of complex blood filling patterns. We have not found in the literature models of intensity changes due to contrast agent distribution to assess their influence on the IR, but a visual inspection of intensity profiles over time reveals that an exponential dependency of time is a reasonable approximation. Figure 4 shows that, even when the size of the aneurysm does not change, the optimizer will try to match the intensity profiles by scaling the moving image. This overestimation of the aneurysmal size results in an increase in the mean value of the dilation curves over time. Fortunately, this change has low frequency with respect to pulsation, and can be removed by applying high-pass filters ( Figure 5 ).
Differential pulsation index
As mentioned in the introduction, measuring pulsation is important to investigate the potential connection between regional differences in pulsation and rupture status. This is supported by the concensus in the literature about a weakness of the vessel wall induced by a deficit in collagen and elastine [27, 28, 29, 30] , components of the arterial wall playing an important role in its biomechanical properties [31] . What is more, collagenase and elastase activities seem to be increased in ruptured cerebral aneurysms versus unruptured aneurysms [27] . Assuming that this deficit is higher in the aneurysm than in the parent artery, a difference in pulsation should be observed. To quantify this differential pulsation, we have defined the following index:
whereD,Ŵ ,Â represent the peak-to-peak amplitude of d(t), w(t), a(t) respectively, and δ art is the artery diameter. According to the definition, the index µ measures the difference in pulsation between aneurysm and artery, and expresses it as a fraction of the artery diameter. This normalization was added to compare aneurysms at different locations, since the same absolute difference in pulsation has a different meaning for arteries of different size. For example, a difference of 0.1mm in pulsation is more important at the level of the ACA with respect to the ICA for purposes of correlation with rupture.
Results
Accuracy
To establish whether the detected motion could be discriminated from the intra-observer variability in delineating contours, a manual segmentation was performed by an expert observer in the first frame of patient #7 by selecting closely located points on the boundary of the aneurysm and subsequently fitting a spline to the series of points. By considering also the independently selected landmarks for this same frame, the distributions of distances derived from: a) original landmarks to the spline, and b) propagated landmarks and original landmarks, were compared. To this end, Student paired t-test and ranked sum Wilcoxon tests were performed. As established before, the landmarks were tracked in the complete series in order to quantify the wall motion. The sequence #7 presents features that make it suitable for this analysis like high signal-to-noise ratio, clear definition of borders, and visual pulsation. illustrates the landmarks propagation from which wall deformation estimates follow. Statistically significant differences were found between the two distributions for 8/11 frames (p T T EST < 0.04, p W IL < 0.02). In all of these cases, the average distance between propagated landmarks and original landmarks was larger than that due to intra-observer variability. Thus, although small deformation fields are obtained for all the images within the temporal series (see Figure 6 ), these differ in a statistically meaningful way from the error made in the manual delineation of the contours. Figure 7 shows d(t), w(t), and a(t) for sequences exhibiting wall motion. To distinguish curves carrying information about wall motion from those containing just measurement noise, we have compared them to the model in Figure 10 , and the presence/absence of wall motion was assessed based on the similarity. Since contrast injection times depend on the specific protocols of each clinical center, we show deformations for a single cardiac cycle for normalization purposes. As a consequence of the image acquisition issues mentioned Section 4, curves present distortions in some time intervals. This occurs in particular at the beginning and at the end of the contrast injection, where the largest changes in the image take place. Therefore, when information was available for several cardiac cycles, we selected the central part of the acquisition window to minimize distortions. Table 3 presents parameters extracted from d(t), w(t), and a(t) for all sequences in Figure 7 .
Distension curves
Differential pulsation and rupture status
Figure 8 (a) shows the distribution of the differential pulsation µ defined in Section 2.3 with respect to the rupture status. As shown in the Figure, the distribution of µ for ruptured aneurysms presents a higher mean value than the distribution for unruptured aneurysms (µ R = 6.1% vs. µ U = 1.3%). As the standard deviations are not small, a two-tailed unpaired t-test was performed to assess the statistical significance of these 
#15
#16 #18 Figure 7 . Distention curves a(t), d(t), and w(t) over the cardiac cycle for sequences showing wall motion. Time is expressed as percent of the cardiac cycle. w(t) is omitted for sequence #16, since it could not be estimated because of defects in contrast filling. differences. The result of such test showed that the null hypothesis of equal means is rejected for p = 0.05, i.e. the differences are significant at a level of 5 %.
Variations according to type
We have also investigated variations in the pulsation magnitude according to type and size. Figure 8 (b) shows that terminal aneurysms present a higher pulsation amplitude than lateral aneurysms, but this difference is not significant according to a t-test. Figure 9 shows a linear correlation between µ, ∆d max , and the logarithm of the aneurysm volume log(vol.). 
Measured vs. observed pulsation
To study the consistency between measured and observed pulsation, the presence of visual pulsation was assessed by two observers in two sessions separated by one week. According to the Kappa statistics, the intra-observer accuracy is 0.76 for both observers (substantial agreement according to Landis and Koch's paper [32] ) and the interobserver accuracy of 0.41 (moderate agreement). The reason why a perfect agreement was not achieved is most likely due to the fact that the wall motion amplitudes are quite small, and in many cases close to the image resolution. Figure 8 (c) shows the distribution of pulsation amplitudes according to presence of visual motion as assessed by the observers mentioned in Section 4. As expected, aneurysms classified as "pulsating" presented a higher pulsation amplitude in mean than "non-pulsating" aneurysms.
Discussion
In previous work [5, 15] , we described temporal changes in aneurysms by measuring the displacements of points on the vessel wall. This approach requires a previous segmentation to assess the sign of the displacement, i.e. whether points move inwards or outwards the aneurysm at the reference point. Besides adding an extra step in the pipeline, (according to our experience) the segmentation of DSA images is extremely difficult since this modality does not provide a proper definition of the vessel lumen. As the wall displacement is in the order of the image resolution, even small segmentation errors can make the method fail to recover pulsation. In this paper we have circumvented this drawback by measuring the euclidean distance between pairs of points, which avoids the need for a previous image segmentation.
In some cases, we found a rigid motion associated to the global pulsation of the intracranial vasculature that should be corrected before estimating the deformation. Fortunately, this motion was very small § and was captured by the non-rigid transformation. Therefore, the rigid motion was corrected automatically without adding an extra step.
It is important to make some remarks with respect to image acquisition. The Nyquist theorem establishes that the minimum sampling frequency f min s that allows recovering the aneurysmal pulsation is twice the signal bandwidth (BW) [33] . To our knowledge, there are no measurements of temporal changes of intracranial aneurysms in the literature to estimate BW, and we have used simulated pressure data [34] for the Common Carotid Artery (CCA) (Figure 10 ) to estimate it. Two important assumptions are made here. 1) The wall displacement and pressure waveforms are the same (except for a scale factor): this is true if linear elasticity of the vessel wall is assumed, but both waveforms could differ slightly if a viscoelastic model and large mass-effects are considered.
2) The pressure waveform does not change from the CCA to the location of the aneurysm. Figure 10 shows that the most important frequency components are comprised in the range 0-4 Hz, and therefore we can establish a f min s =8 Hz as the minimum f s to recover aneurysmal pulsation. Even when this estimation is based on simulated data, it allowed obtaining curves resembling the typical arterial pressure waveform [35] (see for example sequences #1, #2, #9, #10, #12, #15 in Figure 7 ). This similarity supports the assumption that the recovered deformations effectively quantify the wall displacements of the vessel, and do not come from sources of variations like image noise, intensity changes, or movement artifacts.
As shown in Table 2 , some sequences were acquired at lower sampling frequency § Note that the aneurysmal pulsation is also very small, and therefore any rigid motion must be completely compensated to have an accurate estimation than this inferior limit. Sometimes, low f s values are preferred to obtain a higher image quality, and values as low as 2Hz can be found. Figure 7 shows the result when f s does not meet the requirements imposed by the Nyquist's theorem (sequences #7 and #8).
As the sampling frequency for these sequences (f s = 3Hz and f s = 2Hz, respectively), distension waveforms cannot be completely recovered. This has an influence on the correlation with rupture, since three of these sequences belong to the group of ruptured aneurysms. However, the fact of missing a peak has as a consequence a reduction in the differences between ruptured and unruptured aneurysms (already found significant). If the peak were not missed the differences between groups would be even larger. The dependency of the method on the contrast injection parameters (e.g. injection rate, total volume) is critical, since they must ensure a complete and homogeneous filling of the aneurysm for at least one cardiac cycle. It is very difficult to select a fixed set of parameters to satisfy these requirements in all aneurysms, since the filling depends strongly on factors like size, shape, and type of the aneurysm. The influence of type is well illustrated by terminal aneurysms of the basilar artery (Figure 1 , patients #3 and #6). In these cases, the aneurysm receives the blood jet directly from the parent artery which produces a strong washout of contrast medium. A large size may be also problematic, since the filling is slower and sometimes the injected contrast is not sufficient to fill the aneurysm (Figure 1 , patients #7 and #10). These problems are related to the upper limits imposed by the cellular effects of contrast media [36] , and their connection to nephropathies [37] . If there were no such limits, the amount of contrast could be made big enough to compensate the effects of size and type. Figure 7 shows that in some cases the recovered curves are out-of-phase. This cannot be attributed to the filters used for postprocessing, since the phase difference persists when filters are not applied (see patient # 6 for example). A possible explanation to this phenomenon is the asymmetric deformation of the aneurysm owing to specific blood flow patterns and asymmetric weakness of the arterial wall. Consider for example the same patient (# 6). As can be seen from Figure 1 this is a basilar aneurysm that receives a direct impingement of the blood flow coming from the basilar artery, which produces a differential pressure between the impingement region and the rest of the aneurysm. On the other hand, Meng et al. [38] have performed studies showing localized aneurysmal-type remodeling in regions of accelerating flow (in our case the region of impingement), which could create asymmetric weakness of the arterial wall. The combined effect of differential pressure and asymmetric weakness could explain the increase in depth at the expense of a decrease in width as shown in Figure 11 . This explanation predicts a phase difference of 180 degrees, which in fact was the difference of phase found in the example. A similar analysis of other aneurysmal configurations should be performed to understand the regional differences in pulsation, and a CFD analysis could be useful for understanding the connection with the haemodynamics. Another explanation for these phase differences is the pulsation of extravascular structures (like the brain), which could pulsate synchronously with the artery and modify influence the expected deformation pattern of the aneurysm. Lateral and terminal aneurysms showed slight non significant differences in wall motion. However, terminal aneurysms receive a direct impact of the blood jet coming from the parent artery which should produce a larger deformations. A possible explanation are the differences in location of the considered aneurysms, which should be normalized to ensure similar haemodynamic conditions. Larger aneurysms exhibited a higher differential pulsation index, and wall motion amplitude. However, other papers have reported no relationship between aneurysm size and volume increases [2] .
The method presented in this paper allows obtaining deformations in the image plane. This information could be complemented by a second acquisition in an orthogonal projection. However, according to our experience, the neighboring vessels make (a) (b) Figure 12 . Influence of neighboring vessels: at the beginning of the contrast filling the boundary of the aneurysm is free (a). As the contrast injection progresses, distal vessels start appearing in the image causing local misregistration occurs due to lack of point correspondence.
extremely difficult to obtain two orthogonal views showing the aneurysm without an overlapping with other vessels. The presence of neighboring vessels can also perturb the recovered displacement fields: at the beginning of the contrast filling, the aneurysm appears isolated from the rest of the vasculature and its boundary is well defined. As the contrast injection progresses, distal vessels start appearing in the image ( Figure 12 ) and a local misregistration occurs due to the lack of correspondence [39] . In this paper we have found statistically significant differences in the index µ according to the rupture status. However, even when there are some follow-up studies of unruptured aneurysms [40] , the criterion adopted by the clinical centers involved in our study is to treat the aneurysm (coiling or stenting) immediately after identification by angiography to avoid the risk of hemorrhage. Therefore, the available sequences do not allow studying differences in pulsation before and after rupture [2, 41] . This is a limitation of most of works on rupture found in the literature. Therefore the underlying hypothesis of the experiments presented in this paper is that the pulsation properties of the aneurysm immediately before rupture are similar to those of ruptured aneurysms.
Conclusions
In this paper we have combined non-rigid registration methods with signal processing techniques to quantify wall motion of intracranial aneurysms from dynamic DSA sequences. We applied the presented methodology to a series of intracranial aneurysms and found a higher index of differential pulsation for ruptured aneurysms. These measurements and observations may help us better stratify aneurysm rupture risk and understand the wall motion effects on aneurysm haemodynamics and their evolution.
